With the invention of coronary stent, promising clinical outcomes appeared. However, the long-term success of stent has been beaten by significant in-stent restenosis and consequently stents fractures (SF). Cardiologists have been looking on SF as a threat to patients' life because it is associated with short-and possibly long-term morbidity rate. In this review, stent materials and properties from the perspective of materials engineering and clinical drivers are discussed. The review also outlines how stent materials and design have evolved with time. Opinions are given as to the merit and direction of various on-going and future developments.
The Potential Need for Coronary Stents and the Early History
Globally, cardiovascular diseases are the leading cause of death and serious illness accounting for 30% of the deaths worldwide annually [1] . Forty years ago, coronary artery bypass surgery (CABG) was the popular revascularization treatment used to treat obstructive coronary artery diseases [2, 3] . However, it was claimed that frequent coronary closures occurred and hence emergency surgical revascularization was necessary [2, 4] . Consequently, CABG was more or less abandoned. Subsequently, extensive developments have been made in less invasive cardiology treatments, with Plain Old Balloon Angioplasty (POBA) being one of the most frequent treatment performed, in clinical practice [2, 5] . Although POBA was an innovative treatment, its success was also hindered by the problems of acute vessel blockages [2, 5, 6] . These problems lead to the birth of a second revolutionary treatment of an expandable metal mesh tube inserted in the blocked coronary artery which is called a stent [6, 7] . It has been reported that restenosis rate dropped significantly after implementing stents from 30% -40% to approximately 20% [8] . The number of percutaneous coronary intervention (PCI) performed each year has expanded considerably since 1980s [1, 7] . For example, angioplasty procedures doubled in Europe between 1992 and 1996 [7] ; while over than 600,000 percutaneous coronary revascularizations were performed in the United States in 1997. These innovative devices were quickly embraced by cardiologists [2, 8, 9] , and now it is involved in more than 85% of coronary intervention procedures, with increasing numbers of patients being treated each year [2] . Indeed, interventional cardiologists are faced with extensive choices of coronary stents to implant. This choice ranges start from different alternative material of bare-metal stents (BMS) and drug eluting stents (DES) that are broadly used in current practice to newer stents such as biodegradable stents [1, 7] . The primary markets for stents have been optimizing the stents with new manufacturing technologies. Currently, there are four main on-going optimizations of stents: 1) prevention of acute blockages within the stent, 2) reduction of the profile of the implant to the smallest possible size in order to minimize the invasiveness of the procedure and to allow access to the most narrow locations, 3) increase in stent durability in severe environmental locations where the biomechanical forces creates material fatigue challenges, 4) enhance stent radiopacity i.e. can be easily seen under X-ray visualization techniques.
The Stents Fractures Problem
Although the use of stents in coronary intervention procedures are adopted worldwide, several patients exhibits in-stent restenosis (ISR) due to the thick accumulation of vascular tissue after stent being placed [4, 6, 10, 11] , leading to late thrombosis and stents fractures (SF). Initial reports have referred to stents fracture as being an undesirable event and life threatening [12] [13] [14] . Indeed, there is mounting evidence that relates complete SF with ISR and thrombosis, and consequently stent functional failure and potential adverse effects [14] [15] [16] .
Clinically speaking, the incidence of stents fractures (Figure 1 ) is reported in 1% -2% of patients [10, 14, 17, 18] at 8-to 10-month follow-up angiography. Higher rates (up to 29%) are reported based on pathologic investigations (i.e. SF are assessed when patient is dead) [10] . Other early-stage fractures of stents have been reported in other study of nitinol femoral stents, where 37.2% of stents (45 of 121) fractured within 10.7 months of implantation, as detected by X-ray examination. However, because of limited visibility of angiography to detect fractures, its true incidence is still unknown [10, 15] . Although numerous clinical statistics and studies have been performed, each study has its own criteria, setting objectives and study limitations [4, 15, 18] . The fracture of the stents could be with single strut fracture, or could be with more detailed classifications; i.e. moderate fracture (more than one strut fracture), or severe fracture (complete separation of stent segments) (Figure 2) [4, 10] . Therefore the findings may not be statistically representative of all patients who receive stents [10] .
Unfortunately, most of the research work on stent fracture was either medical statistics and/or from clinical point of view. A deep understanding of the science and engineering behind the technology of stents is necessary before their implementation in practice. In this review, the objective is to review stent materials and properties from materials engineering point of view, relevant to (a) (b) (c) stent function, mainly strength, ductility, fatigue and corrosion resistance. This review also describes the evolution of the current new stent design and the future perspective of this field, hoping to solve the stents fractures problem. Therefore, this review is intended to provide the reader with an overview of the key concepts that will help the assessment of new technology. Worthwhile to mention, only the bare-metal stents are considered in this review.
General Property Requirements for Stents
It is very important to understand the ideal properties of stents before evaluating its fractures. In general, medical implants are made of not only metals but also ceramics, polymers, and composites. Although ceramics are strong, they lack both elasticity and plasticity. Moreover, ceramics are usually brittle with low fracture toughness. Polymers, on the other hand, have higher elasticity but lack strength and stiffness. However, it is difficult to obtain polymers with both high elasticity and strength at body temperature. Moreover, stents procedures require X-ray imaging, which is controlled by the atomic number and density of the compositional elements of a stent. Since polymers consist of light elements, it cannot be used without any improvement of the material; this is essential in order to identify the stent fractures earlier through X-ray. Hence, these drawbacks limit the use of polymers in stents. Therefore, from the viewpoint of mechanical properties and visibility on X-ray imaging, metals are the main materials utilized for stents. Interestingly, the effort to substitute polymers for metals in stents is currently on-going [19, 20] ; however, improvement of the mechanical and imaging properties of polymers are necessary.
Generally speaking, the ideal stent would be vascular biocompatible, corrosion resistant, radiopaque, and wellsuited mechanical properties. Since stents are tubes used for dilatation to counteract decreases in blood vessels; therefore, elasticity and plasticity for expansion and rigidity for the maintenance of dilatation and resistance to elastic recoil are required. In fact, a high elastic modulus [7, 21] is needed to prevent stent recoil, while low yield strength is preferred to allow stent expansion at acceptable balloon pressures and assists insertion of the stent with the delivery system, which is a catheter. High tensile strength helps to achieve sufficient radial strength after expansion with a minimum stent volume [7, [21] [22] [23] . Indeed, higher tensile strength helps to design stents with thinner struts, and hence improving flexibility, deliverability, and access to smaller vessels [23] . Moreover, a high degree of ductility [21, 24] is compulsory to withstand deformation during expansion. Finally, the ratio of yield strength to modulus of elasticity [21] is of particular interest for stent designer to characterize the elastic range of the materials, which affects acute recoil and radial strength. Table 1 summarizes the main physical and mechanical properties for common biomaterials. Conventional metals cover these properties when the correct metals are selected. However, the ideal combination of mechanical properties, discussed above, is difficult to obtain, and therefore a careful compromise needs to be found. Stainless steel 316L, nitinol, and cobalt chromium alloy L605 are well-known in the biomedical field, and one of their biomedical applications is coronary stents [7, 24, 25] . They are characterized by their excellent corrosion resistance, high ductility, and high modulus of elasticity. Although titanium alloys have superior corrosion resistance and excellent biocompatibility, it is not a good choice in stent application because of its low ductility, low strength and poor density, the latter being an imaging issue [25] . Figure 3 shows an example of the fatigue limits of selected biomaterials [26] . As shown in Figure 3 , the fatigue limits decreases in the following order: Co-Cr alloy followed by Ti-6Al-4V then 316L stainless steel. However, the limit of each material depends on the fabrication process, surface condition and microstructure, thus showing a fairly large range for some of the metals [e.g. CP (commercial purity) Ti]. Table 2 list some of the biomaterials used in the stents along with their leading manufacturing company. Generally, the metals commonly used for manufacturing baremetal stents are 316L stainless steel, nitinol (Ni-Ti), cobalt-chromium (Co-Cr) alloys, platinum alloys, tantalum (Ta). These are briefly discussed below. 
Stainless Steel
Stainless steels are iron based alloys with main elements of Cr and Ni. Elements such as Ni, Mo, Ti, Nb, and N are added in some grades of stainless steels to improve their corrosion resistance, heat resistance, strength, and workability [27] . However, the microstructure, strength, and corrosion resistance of stainless steels depend mainly on the concentrations of Ni and Cr. Stainless steels do not corrode in an oxygen containing atmosphere, however, they may corrode locally and form pits in chloride solutions as found in human body. Stainless steels are classified, according to the crystal phase, as ferritic, martensitic, or austenitic types [27] . Because austenitic stainless steel does not have high strength, they are strengthened by cold working and heat treatment and sometimes by the addition of N. Austenitic stainless steel have superior corrosion resistance; the addition of Mo improves the corrosion resistance due to the increases in the stability of the passive film [28] . The main reason for the use of austenitic stainless steels, beside the superior corrosion resistance, is the good balance of strength and ductility, which facilitates the manufacture of the stent, the plasticity for balloon expansion, and to resist the elastic recoil of blood vessels [29, 30] . Austenitic 316L stainless steel, in particular, ("L" means "low carbon content") has well-suited mechanical properties ( Table 1) , making it the preferred material for stent application [31] . Its corrosion resistance is improved by adding 2% -3% of Mo, increasing the Ni content to 12% -15%, and reducing the carbon content to less than 0.030% [28] . The surface oxide film consists of oxide species of Fe, Cr, Ni, Mo, and Mn, and its thickness is about 3 -4 nm [28, 32] . The surface oxide changes into iron and chromium oxides when a small amount of molybdenum oxide is present in the human body. Unfortunately, carbon forms carbides at the grain boundaries, which reduces the corrosion resistance of the grain boundary [28] . Therefore, even with these improvements, 316L stainless steel may corrode when implanted in the human body [33, 34] . Other clinical problem of using 316L stainless steel are its ferromagnetic nature (i.e. minimum of 60% pure Fe) and low density [31] . These features make stainless steel a problematic in the clinic for poorly visible images in the MRI [31] . Also, biocompatibility is another issue with stainless steel stents [35] . As the average weight percentage of Ni in 316L stainless steel is 12%, release of nickel may occur causing allergic reactions in the human body [36, 37] . Indeed, the release of Ni, Cr, and Mo ions from stainless steel stents may induce local immune response and inflammatory reactions, which in turn may result in in-stent restenosis [35] . Stainless steel stents composed of low Ni concentration (4.5% -9%) can reduce the concern of allergic reactions to Ni [35] . However, higher Ni concentration (10% -14%) can be beneficial in decreasing the ferromagnetic properties of stainless steel. The addition of Ti (about 0.4%) in the stainless steel makes them even more attractive. Indeed, a variety of coating materials have been used to coat 316L stainless steel stents, in order to increase its visibility and to improve its biocompatibility by preventing the release of ions from the stent surface (i.e. anti-corrosion characteristics) [34] .
Ni-Ti Alloy (Nitinol)
The Ni-Ti alloy, known as Nitinol, consists of roughly equal atomic amounts of Ti and Ni and shows unique mechanical properties such as shape memory, and superelasticity. In the shape memory effect, a deformed shape is returned to the original shape by heating; in superelasticity, apparent plastic deformation is returned to the original shape by the release of load [38] [39] [40] . Indeed, shape memory alloys, are capable of undergoing a more large degree of elastic deformation and strain before reaching their yield strength [38] [39] [40] [41] [42] . Nitinol undergo plastic deformation at room temperature (i.e. martensitic phase) and crimped on to the delivery system [42] . The transformation temperature itself is influenced by the composition, impurities, and heat treatments [43] . Because of these unique properties, the nitinol is used for stents [42] . Self-expanding stents have a smaller diameter at room temperature and expand to their current diameter at body temperature. After implantation it regains its original shape and conforms to the vessel wall because of the increase in temperature inside the body [43] . The maximum strain recovery is about 8.5% after plastic deformation; nitinol also has suitable mechanical properties. However, the nitinol stent may corrode [44, 45] , and the release of large amount of Ni ions causes toxic effects to tissues in many cases. Furthermore, imaging of nitinol stent is another concern [46] . Although stent's radiopacity may not have direct influence on its function, it undoubtedly has an impact on deployment success. The 316L stainless steel stents are more radiopaque than the nitinol stents [47] .
Co-Cr Alloys
Co-Cr alloys have been used extensively in the biomedical domain. Both the Co-Cr alloys platform DRIVER stent and the L-605 (Co-20Cr-15W-10Ni) Guidant MultiLink Vision stent are commercially available [48] . Co-Cr alloys exhibit a high density that helps to have better radiopacity [22] [23] [24] ; a high elastic modulus limiting recoil [21, 22] . The thickness of the struts is a critical issue in designing a stent; hence, the ability to make ultra-thin struts from Co-Cr alloys with increased strength using these alloys is one of their potential attractions [22, 23, 49] . Indeed, the thin struts will not only permits a lower profile, smaller stent volume, and improved deliverability with access to smaller vessels, but will also be helpful to reduce the probability of stents fractures [23] . Co-Cr alloys also show outstanding corrosion resistance, and wear resistance. Indeed, the corrosion resistance of Co-Cr alloys is better than those in stainless steel [50] . Because of the carbide in its Co-Cr alloys structure, it has also excellent wear resistance in comparison to stainless steel [50] . For biomedical use, cast Co-Cr alloys, featured with low cast defect, known as Vitallium, resist pitting and crevice corrosion. The strength and ductility of Co-Cr alloys are as high as those of stainless steel, after subsequent heat treatment and cold working.
Platinum Alloys
With the use of platinum alloys in stents application, both the strength and radiopacity are enhanced. Also, the need to design stents with smaller strut thickness has been achieved resulting in higher strength, using platinum-chromium based alloy [51] . Platinum-chromium alloys show great tensile properties, which can be positively compared with the 316L stainless steel, but with both thin struts and high radiopacity. The microstructure is almost similar to 316L stainless steel, with the chromium oxide contents that provides high corrosion resistance. Moreover, platinum alloys are biocompatible and support endothelialisation as 316L stainless steel [51] .
Other platinum alloy grade used for making stents and successfully implanted in animal models is an alloy composed of 90% Pt and 10% Ir [52, 53] . With the presence of iridium, these stents showed improved radiopacity, in comparison to the 316L stainless steel [52] . Indeed, it is even possible to take the 3D image of these stents using MRI [54] , where the artifacts produced by the Pt-Ir alloy in MRI are much lower in comparison to the 316L stainless steel stents. However, while these alloys show excellent corrosion resistance, their poor mechanical properties is still a concern [55] . Although a reduction in both thrombosis and inflammatory reactions was noticed using these stents, their recoiling percentage was a bit higher (16%) than the 316L stainless steel stents (5%) [52, 53] . While the human clinical trial encouraged the use of Pt-Ir alloys stents as effective and biocompatible [56] , the research on the Pt-Ir alloys stents remains limited.
Tantalum
Tantalum exhibits low magnetic susceptibility and high density making it outstanding X-ray imaging material. Also, Ta has excellent corrosion resistance in a biological environment because of its highly stable surface oxide layer [57, 58] , where Ta 2 O 5 act as a passive film formed on Ta surface. Tantalum has been coated on 316L stainless steel stents to improve its corrosion resistance, and thus improving its biocompatibility. It is an MRI compatible material as it produces no significant artifacts because of its non-ferromagnetic features [59] . While the biocompatibility and visibility characteristics of Ta are superior to the 316L stainless steel, the commercial availability of Ta stents is much lower than 316L stainless steel stents. This is mainly because of its poor mechanical properties and high cost [58, 60, 61] . Tantalum is a ductile metal but because the yield strength of Ta is close to the tensile strength ( Table 1) , Ta stents have a higher possibility of breaking during deployment. Therefore, the pressure applied for the deployment of these stents is usually low and this might result in recoiling. The recoiling percentage was significantly higher for Ta stents compared with the 316L stainless steel stents [60, 61] . Although no Ta-based stents have been approved by the FDA yet, Cordis (Johnson & Johnson, USA) has used a bare-Ta stent in clinical trials and released this stent commercially [62] .
Assessment of Stent Fractures

Tubing Characteristics versus Stents Fractures
The majority of stents are manufactured by drawing a very fine tube, followed by laser cutting to manufacture the stent [21] . There are several processing parameters that later significantly affect stent performance [21, 24, 63] . Interestingly, complete stent fracture (SF) can be correlated with implant duration (i.e. complete SF may occur with the longest implant duration) [2, 64] . This suggests a fatigue phenomenon related with the dynamic loading of the stent due to blood pressure. While fractures in coronary stent seem to be highly attributed to high cycle fatigue, most stent fractures occur in relatively short time periods and are due to the high stress/strain applied to the stent from the pronounced mechanical loading. Although the fracture by fatigue has been addressed by design improvements, it is known that stent manufacturing processes do also affect the fatigue behaviour. In principle, achieving smaller grain sizes is one factor in improving fatigue resistance [21, 65] . Conventional thermo-mechanical processes can reduce grain size but only to a certain size, which is often of the order of magnitude of the stent strut cross section. This can lead to poor fatigue performance [21] . The current stent strut cross sections are approximately 100 -70 µm which allows only for a few grains across, since the material grain size is about 30 -50 µm, thus affecting its fatigue resistance [18, 21, 30, [66] [67] [68] . Indeed, a smaller grain size is recognized in the biomedical domain and has a definite benefit both for strength and wear properties [69] . Furthermore, the conventional fabrication process is associated with relatively large inclusions (15 µm) which later affect the stent performance [21] . Also, the heat of the conventional laser machining is also associated with grain coarsening at the surface of the stent which affect it mechanical properties [21, 70, 71] . Selection of the cutting technique is extremely important because of the heat generated, which may influence the chemical homogeneity, porosity and micro cleanliness of the stent surface [21, 63] . Although the ASTM and ISO standards set limits, these are often not adequate to bring the required safety in a stent application [21] . For example, both ASTM and ISO permit inclusions as thick as 15 μm on a 75 μm stainless steel length [21] . However, such defects are significant when compared with stent struts that can be thinner than 100 μm [21, 23] . These inclusions may represent a serious threat for rupture failure upon expansion [21] . Inclusions are becoming even more problematic with the current trend towards stronger materials, reduction in strut dimensions and small vessel stenting [6, 21] . Also, when selecting a cutting source, attention should also be paid to chemical composition homogeneity and its consistency across heats that will favour uniform mechanical properties [21, 63] . Consequently, working with small laser spot sizes and short pulse duration, which lead to smaller heat affected zones, is a preferred method.
Other essential key for stent performance is to ensure having an adequate degree of control in the tube drawing process [21, 63] . In general, dimensional accuracy and surface finish vary greatly with the tubing process and the type of alloy being drawn [21, 63] . Stent thickness uniformity is vital for a smooth deployment of the stent [7, 21, 23] . Apart, sensitivity to processing parameters is different from material to others. For example, stainless steel shows an average sensitivity to processing parameters compared with Co-Cr alloys or nitinol [21, 22] . For-tunately, this sensitivity gives the manufacturer a great opportunity to modify the material properties to the necessary requirements [21] . In addition, surface finish should be compatible with obtaining the desired stent finish after cleaning and electro-polishing steps [21, 63] . Indeed, electro-polishing does enhance the corrosion resistance and hence biocompatibility; also edge rounding and the removal of micro cracks and surface imperfections improves the fracture and fatigue behaviour. However, these operations differ among stent manufacturers, depending on the amount of material removal [21] .
It is also important to realize that different stent manufacturers have different annealing plan [21, 63] . However, the most preferred standard is to laser cut the coldworked material, followed by annealing [21] . This approach help to remove unwanted residual stresses generated during laser cutting [21, 63] . Nevertheless, annealing need to be carefully controlled to obtain the desirable mechanical properties and microstructure [21] . For further advanced technology, Y. P. Kathuria [72] and Ankur et al. [30] have discussed the most advanced fabrication techniques, which have been used to manufacture stents.
Clinical Observations that Contribute to Stents Fractures
Several views were raised in the literatures with regard to the causes of stent fracture. It is assumed that the dynamic biomechanical forces, i.e. bending, torsion, shear, compression, and tension, acting on the superficial artery cause stents fractures [4, 73] . One of the common observations is that a high percentage of the fractured stents were long [4] or were deployed in an overlapping way [4, 15] . Most of the fracture in stents occurred around areas of increased rigidity due to the overlapping of metals, which may have formed a fulcrum for metal deformation due to vessel movement. Moreover, Halkin et al. [74] reported cases of SF that cardiac motion and stent overexpansion are significant factors influencing stent integrity after deployment. Min et al. [75] , reported a case of SF in which vessel angularity is other relevant factor in SF. In fact, excessive vessel tortuosity causes more bending points during the dynamic changes of the cardiac cycle [4, 75] , and therefore, stent placement at angulated segments of the vessels showed higher increase in the incidence of SF [4] .
Corrosion and Its Contribution to Stents Fractures
Corrosion may also occur in human body and hence corroded sites may then become initiation sites of a fracture [25, 76] . The effects of corrosion in stent are not limited to the loss of integrity of the stents and its function, but also corrosion products can be released and affect the tissue. Figure 4 shows a case of pitting corrosion of a nitinol stent weakening the stent strut and eventually leading to fracture of the stent strut under circulatory pulsation. There are four engineering variables must be taken into account as they influence the corrosion mechanism of stents: 1) composition of the stent-variations within the stent, 2) manufacturing variables; e.g. casting conditions, metal purity, amount of cold-work, degree and type of heat treatment can affect corrosion rates, 3) handling in manufacture, delivery, and insertion affect results. In fact, material handling can have a large impact on corrosion resistance, however, including strategies to modify the protective passive layer. For example, most alloys are typically heat-treated during their construction. This results in the formation of a polycrystalline oxide on the surface of the alloy. Shih et al. [77] demonstrated improved corrosion resistance by removing the manufacturer's polycrystalline oxide coating and then passivating the nitinol stents to form a novel amorphous oxide. This amorphous oxide layer benefited from an exchange of molybdenum and nickel for ferritin. By decreasing the concentration of ferritin, the breakdown potential of the passive layer is altered and the corrosion resistance is enhanced. Furthermore, this alteration in the material treatment process also resulted in a more uniform coverage of the entire stent without the skip-areas that were seen with the polycrystalline oxide layer. These changes resulted in significant improvements in corrosion resistance, 4) positioning of the stent will affect its local environment and the stresses imposed upon it. Small anatomical differences can also have large differences in pH and potential. In fact, corrosion in blood contact areas is very complex. The abundant oxygen content and continuous flow of electrolytes render most processes highly active. The presence of organic molecules influences corrosion rates and it may affect the surface properties and thrombogenesis. The biological corrosive environment is not constant. This means that oxygen levels and cellular activity vary with time, location, physical activity, and general health status. Indeed, the high concentration of cellular-chloride creates a corrosive environment. Corrosion resistance is controlled by the passivation of a thin layer of surface oxide. This means if a reaction occurs between the environment and the stent metal with the formation of a protective surface oxide layer that protects the underlying structure from further degradation. The composition of this surface layer varies based on the selected material and the manufacturing process. Even nitinol, with its high titanium content, can be prone to corrosion. One of the most common forms of corrosion in stent is pitting corrosion. It is conditional mostly upon static environments but oxygen depletion is less important. Here, autocatalysis plays an important role in the acceleration of corrosion. Scratches, handling damage, and inclusions may initiate this by removing the oxide layer; e.g. Cr 2 O 3 in stainless steel ( Figure 5) . It usually appears as freckles and grows down in the direction of gravitational field. It is desirable to avoid pits in highly stressed implants such as stents as they act as stress concentrators and may initiate crack propagation. When small they have a frosted appearance, which then become coloured (brown and green) spots. This can result in a large degree of localised damage as the small areas of active corrosion become the anode and the entire remaining surface becomes the cathode.
One of the other common forms is erosion and fretting corrosion. Fretting corrosion is difficult to distinguish from wear but it resembles pitting corrosion except pits are elongated in the direction of flow. An acceleration of attack due to relative movement between the stent and surrounding fluid and increases the rate of attack by the other mechanisms. Flowing solution will remove the corrosion products and provide new dissolved reactants such as chloride ions and oxygen. The accumulation of the products of corrosion at the interface between the metallic stent and solution tends to reduce the rate of reaction. This may disrupt the passive film and produce accelerated corrosion. The passive layer may be removed by a mechanical process either by a scratch that does not repassivate, or under a continuous cyclic loading.
Other familiar form of corrosion in stent is stress corrosion (Figure 6 ). Tensile stress increases the chemical activity of metals. Stent will be in tension on one side while in compression on the other. This produces an electrochemical potential that renders the convex side anodic with respect to the concave side. This type of corrosion occurs mostly in convex lesions. The formation of a small crack in the stent will cause stress concentrations. The cracks extend between grains, and this attack will initiate cracks that grow rapidly leading to failure. Fatigue corrosion is a form of dynamic stress corrosion and is important since stents undergo cyclic mechanical deformations. Stents have a limit to cyclic loading, which may be reduced in the presence of corrosion in physical cracks or defects in a passive layer produced by single or repeated cyclic loading. The maximum stress that can be reached continuously decreases as the loading cycle number increases.
Although the presence of proteins and cells will not cause a new corrosion mechanism, they can influence the rate of corrosion by interfering with the anodic and cathodic reactions. There are four ways in which this can occur: 1) the biological molecule can upset the reaction equilibrium by consuming a product of anodic or cathodic reactions; e.g. proteins bind to metal ions and transport them away from the implant surface, 2) the stability of the oxide layer depends on the electrode potential and pH of the solution. Proteins and cells can be electrically active and interact with the charges formed at the interface and thus affect the electrode potential. Bacteria and inflammatory cells can alter the pH, 3) the stability of the oxide layer is also dependent on the availability of oxygen. Protein adsorption can affect the diffusion of oxygen to certain regions of the surface. This could cause preferential corrosion of the oxygen deficient regions leading to the breakdown of the passive layer, 4) the cathodic reaction results in the formation of hydrogen. The local build-up of hydrogen inhibits the cathodic reaction and restricts the corrosion process. In the vicinity of the implant, bacteria may utilize the hydrogen and play an important role in the corrosion process.
In conclusion, the study of corrosion is very complex, and hence further work needs to be performed to improve alloy corrosion resistance of stents.
The Influence of Stent Design on Fracture
Stent design is complex because the design of ideal stent requires the following: ease of deliverability and trackability, a high expansion ratio, and the ability to reach tight lesions. The material itself has to be biocompatible, radiopaque, and resistant to corrosion. Although the current designs have been showing a great advancement, there is still no ideal stents. Each stents has its advantages and disadvantages that need to be customised to a specific clinical application. Therefore, it is possible that stent design (Figure 7 ) play a role in SF. Stents with a closed-cell design are more prone to fracture, compared to stents of open-cell design [78] . It has been suggested that the open-cell design is more "flexible" therefore, reducing the probability of stent fractures. However, other study does not support this hypothesis [79] .
Another issue is the thickness of stent struts. It has been observed that a decreasing strut thickness (from 100 µm to about 65 µm) increases the radial strength of the stent, therefore improving the deliverability and life of the stent [23] .
Stents must undergo stringent simulation tests before implantation, but vessel tortuosity, and rotational forces that a coronary stent has to withstand 70 times per minute for years are extremely difficult parameters to be incorporated in stent simulation tests [4] .
Current Improvements
Improvements into the Design Aspects of Stents
There are significant numbers of developments towards achieving the ideal stent design. One of the problems with current stents is that they are of standard lengths. As mentioned above, the longer the stent, the more prone it is to fracture. Therefore, having a stent of a customized length would minimize this problem. Thus, one of the most innovative stent designs is the NX Co-Cr stent (Figure 8) designed by Xtent Custom [80] . The unique feature is that the stent consists of multiple 6 mm inter-digitating segments, which means the stent length is "infi- nitely" variable, and hence, this system allows for inlesion determination of stent length instead of relying on fixed length stents [80] . Therefore, long or short lesions of variable lengths and diameters, can be treated with a single device [80] . Although this stent has been investigated in humans, further studies are in progress [80] . The TriMaxx stent is a novel way to achieve a thinner stent strut [23, 81] . It is a stent with three layers in which tantalum (18 µm) is in between inner and outer layers of 316L stainless steel [23, 81] ; the total stent thickness is 74 µm which is less than other stents. The rationale behind the TriMaxx is not limited to the fact that tantalum has high ductility, excellent radiopacity and superior corrosion resistance but also offers a thin strut [23, 81] . The safety and feasibility of the TriMaxx stent has been evaluated in 100 patients by analysing ISR after six months of deployment, and the result was 25% ISR [81] , which is in the low range of ISR globally (typically 20 to 40%). Cross sectional and top views of TriMaxx stent is shown in Figure 9 .
The Tryton Side-Branch Stent (Figure 10 ) is another unique design initiated by the Tryton Company [80] . They designed stents with side branch that fits completely in all bifurcation lesions with different angulations [80] . This stent is made of a cobalt-chromium alloy, and is composed of three different zones. These are a side branch region with a standard stent design, a transition zone, and the main vessel region [80] . A trial study was done on 30 patients, and shows a low major adverse cardiac events rate of 9.9% [80] . The result also shows a procedural success rate of 93.3% [80] .
Side branch accessible main branch stents is another novel achievement proposed by TAXUS Petal. They are designed to preserve access to a side branch during a procedure and to ensure optimum scaffolding. It has a unique structure in the middle of the stent to provide consistent mechanical support to the side branch. This ostial preservation structure opens into the side branch ostium and adapts to the asymmetric anatomy of the side branch with variable angles. A side branch stabilizing wire allows direct side branch wiring and access after stent deployment into the parent vessel, and thus eliminates the need for stent strut re-crossing. The first human clinical trial of this stent is on-going.
Advanced Coatings for Improved Biocompatibility
Although no strong scientific evidence exists, it is believed that surface optimization could help in reducing restenosis rates for bare-metal stents below the typical range of 20% -30% [82] . A wide variety of surface modifications and inorganic coatings were explored, targeting a range of goals such as stability of surface oxide-layer to reduce metal-ion release, reduced surface thrombogenicity, and surface texturing to promote endothelialization. Indeed, it is strongly believed that biomaterials with corrosion resistant oxide surfaces such as titanium oxide or chromium oxide improve biocompatibility by minimizing metal-ion release. While there had been many invitro studies of ion release from coronary stent, no clear clinical evidence was available with regard to the impact for patients. Koster et al. [35] found links between metal allergies and ISR. This study proposed that patients with sensitivity to nickel and molybdenum had a higher rate of ISR than patients without sensitivity. Therefore, the work did raise questions about the possible impact of metal-ion release from stainless steel, which is still the leading material in use for stents, even though the researchers reported limitations in their study. Indeed, the argument focused on nickel because it is present at higher levels than molybdenum in 316L stainless steel (nominally 12% vs. 2.5% respectively). Worthwhile to mention, metal ion release is not necessarily related to the elemental proportions in an alloy and is more influenced by stability and regeneration potential of the oxide. Although the developments of inorganic stent coatings are still on-going, to prevent ion-release, other study does not support the suggested relationship between nickel allergy and development of ISR in patients having stainless steel stents, and therefore large scale studies are needed to reach a final conclusion [83] . Carbon coatings [84] were explored earlier as another means of surface modification, with a number of different methods examined including "diamond-like carbon (DLC)" [85, 86] . Gutensohn et al. [87] looked at the use of coronary stainless steel stents coated with a simple DLC (BioDiamond, Mainz, Germany). They found, from the in-vitro study, that this coating alone resulted in a significant decrease in both metal-ion release of nickel and chromium and also lower platelet activation in comparison to uncoated stents. On the other hand, results of the following studies did not support the previous researchers' conclusion because it did not lead to improve biocompatibility. Airoldi et al. [88] compared bare stainless steel stent and DLC-coated stent in 347 patients. The six month follow-up showed no significant difference in restenosis rates between the two groups. Accordingly, although the DLC may reduce acute thrombosis, its value with respect to longer-term vessel patency was not evident. In addition, because some DLC-coated stents are both on the market and development stage, their ability to reduce metal ion release is probably still a marketable advantage over bare-metal stents. Another study by Hasebe et al. [89] investigated a fluorine-doped DLC, which had a higher ratio of albumin to fibrinogen adsorption and lower platelet adhesion and activation than non-doped DLC. They reported that the fluorine-doped DLC would significantly stop platelet adhesion and thrombus activation.
In summary, most inorganic coatings for stent have provided either ineffective or inconclusive results in terms of reducing restenosis, which was the primary goal behind their development. Although the above novel and well-engineered studies are not directly related to stents fracture, these developments will certainly enhance the function of stents including its mechanical integrity. Indeed, it will be significant players in the efforts to reduce restenosis rates, in their existing configurations, and this will help to increase the stent's life.
Future Perspective
Since the early adoption of stent, it is believed that one of the key successes of stent performance is the ease with which it could be tracked through to the target vessel lesions. This feature is significantly affected by strut thickness; thinner struts lead to more flexible devices and reduced cross sectional profiles. It is also believed that thinner struts would lead to reduced restenosis rates and consequently enhance the stent fatigue life (i.e. less prone to fracture). Nowadays, most of the commercial stents have been manufactured from stainless steel 316L, because of its superior corrosion resistance and high ductility [24, 25] . However, Co-Cr shows better corrosion resistance and higher density. Also, Co-Cr shows higher radial strength allowing for thinner stent struts which may reduce ISR, whilst reducing device profile and hence improving its deliverability to the target lesion [7, 22, 23] . Indeed, the L605 alloy provided both increased strength and increased radiopacity in comparison to the stainless steel 316L, allowing for thinner struts without harming its radiopacity [49] . Therefore, there is a strong possibility that stent manufacturers will replace stainless steel 316L with Co-Cr alloys [22] . Unfortunately, there is a practical limit to which strut thickness can be successfully reduced. Stents manufactured from higher strength materials will have a tendency to increased elastic recoil, as it becomes more difficult to induce plastic deformation at equivalent device expansion strains. Besides, as strut thickness decreases and stent flexibility improves; a point is being reached where device trackability and crossing profile is becoming more dependent on the mechanical characteristics and dimensions of the balloon and delivery system than on the stent itself.
Since stents are subjected to cyclic stresses due to systolic and diastolic pressures generated by the heart in arteries (i.e. torsion, bending, tension, and compression), we can say that stent can be fractured due to fatigue mechanism. Therefore, the fatigue property of stent materials needs to be assessed and improved in order to confidently use the stents for longer life time. Fatigue characteristics are related mainly to microstructures, surface condition, heat treatment conditions, and the manufacturing process. AL-Mangour et al., have proposed a new technique to manufacture stents through cold spray [90, 91] . Shot peening, which can describe the cold spray process, is a process in which metal spherical powders are shot at a component or a substrate [92] . This leads to a residual compressive stress at the surface of a component and this enhances fatigue life of materials. Indeed, cold spray uses micron-size particles that are accelerated to a high velocity (upto 1500 m/s) toward a suitable substrate using a supersonic gas jet [93] [94] [95] . This may help to solve the stent fracture problem, as a result of improvement in fatigue property.
Conclusions
 The following properties (enough elasticity and plasticity, low magnetic susceptibility, suitability for X-ray imaging, biocompatibility, suitable surface characteristics, and drug delivery capacity) are all necessary for the next generation of stents.  Metals are used for stents due to its advantages over ceramics and polymers which include strength, toughness, high elasticity and plasticity. Bio-functionalizations through a combination of metals and polymers are subjects of further study.  SF appears to be a clinically significant problem which is associated with short and possibly long-term morbidity rate. Clinically speaking, SF was observed in patients presenting with ISR, especially when the restenosis was focal. Most likely, SF was associated with overlapping stents, vessel angulation, stent structure, and stent diameter. This seconds the fact that further analysis of the biomechanical forces exerted on a coronary stent is required to understand so that means can be developed to avoid this significant clinical problem.  The introduction of Co-Cr alloys in a new generation of stent has enabled a reduction in strut thickness, which has been shown as a positive factor for clinical performance. In addition, with a higher density and elastic modulus, Co-Cr appears of particular interest. Nevertheless, it was shown how tubing attributes influence stent performance and manufacturing, giving a basis for designers to properly specify the desired tubing parameters.  Due to the increasing demand to treat more complex lesions with metallic stents, a number of novel stent designs have been developed. Most of the current innovative stents designs have shown promising results from clinical outcomes and feasibility studies. Indeed, larger randomized trials were performed or on-going to confirm the safety and efficiency of the devices further. The next generation technologies will expand the field of intracoronary stenting and improve clinical outcomes for patients with coronary artery disease.
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